Introduction {#sec1}
============

Neural circuits process information through temporal sequences of short electrical pulses in neurons. Intracortical recording, the electrophysiologic technique that involves inserting an electrode or electrode array into living brain tissue, can conveniently record these electrical activities. The neural signals recorded extracellularly by penetrating electrodes can be processed to extract information in different frequency bands. The lower-frequency signals, local field potentials (LFPs), reflect collective transmembrane currents from a small volume of the nervous tissue, and the action potentials at higher frequency bands, on the timescale of milliseconds ("spikes"), are generated by the impulses from individual neurons ([Figure 1](#fig1){ref-type="fig"}). LFPs, which represent the synchronized input locally, have a critical role in coordinating the activity of neuronal assemblies distributed in the brain for complex processes and functions. Typically they reflect the sum of action potentials from cells within approximately 50--350 μm from the tip of the electrode ([@bib22]; [@bib55]) and slower ionic events from within 0.5--3 mm from the tip of the electrode ([@bib38]), but the exact detection range depends on the neuroanatomy as well as the electrode dimension and impedance. In contrast, recordings of extracellular action potentials, or single-unit spikes, require close proximity of the recording electrodes and the cell. Intuitively, inserting microelectrodes into brain tissues achieves this spatial proximity because neurons are packed at a high density in the brain. However, maintaining the spatial proximity and stability over time becomes challenging, which results in instability and degradation of recordings. In this review, we focus on the challenges to improve the stability and longevity of recording extracellular action potentials from the perspective of electrode\'s form factors and material properties. We outline the considerations of flexible materials and the engineering principles to construct flexible and ultraflexible neural electrodes and discuss how these physical properties improve both the biotic and abiotic stability in intracortical recordings. The article does not have extensive discussions of animal models or biological details in cellular responses to implants, which was nicely summarized in previous review articles ([@bib14]; [@bib84]).Figure 1Schematics Showing the Basic Principles of Extracellular Electrophysiological Recording in the BrainA 4-shank neural probe is implanted in the mouse brain; a zoom-in view of the microlectrodes in neural tissue (left). The raw traces of bioelectrical signals (top right) they record are band-pass filtered at low frequencies to provide local field potentials (middle right) that are the collective electrical potentials from a small volume of the neural tissue. The high-pass-filtered signals are the spiking activities (bottom right) from a single neuron (single-unit action potential) or a few neurons (multi-units). The brain sketch in the left panel is rendered from the Allen Mouse Brain Atlas ([@bib2]; [@bib56]).

Challenges for Long-Lasting Neural Recordings {#sec2}
=============================================

Conventional rigid electrodes such as micro-wires, tetrodes, and micro-fabricated silicon microelectrodes have contributed tremendously to fundamental and translational neurosciences ([@bib1]; [@bib3]; [@bib8]; [@bib66]; [@bib74]; [@bib88]; [@bib90]). However, they often fail to provide reliable recordings that track the same individual neurons over even short periods (hours to days) ([@bib21]; [@bib73]), and their performance typically deteriorates over longer periods (weeks, months, and years) ([@bib17]; [@bib79], [@bib78]; [@bib107]). This is mainly due to the relatively large dimensions of these implants and the consequential surgical injuries, their material and structural instability in the post-implantation conditions, and their relatively strong chronic invasiveness to the surrounding tissue ([@bib24]; [@bib75]; [@bib82]). In the short term, the mechanical mismatch between tissue and implants induces reoccurring electrode movements from target neurons in response to natural body motions ([@bib21]). This leads to sudden waveform changes in time scales as short as hours and prevents reliable tracking of individual neurons over days and longer ([@bib17]; [@bib73]). In the long term, the presence of implants causes reoccurring cellular and vascular damage and elicits sustained inflammation and tissue response ([@bib107]) that results in neuronal degeneration and glial scar formation near the implants ([@bib34]; [@bib86]; [@bib118]). Moreover, the stress induced on the implants by the micromotions of surrounding tissues also leads to mechanical damage of the neural electrodes, resulting in premature device failures ([@bib20]; [@bib46]; [@bib79], [@bib78]). All these chronic deteriorations are manifested in electrical recordings as loss in recording fidelity and efficacy ([@bib22]; [@bib34]; [@bib44]; [@bib67]; [@bib82]).

Among the extensive efforts targeting these multifaceted challenges that impeded long-lasting, stable neural recording, growing emphasis was devoted on reducing the neuro-inflammatory response ([@bib14]; [@bib84]). Consequently, there is increasing awareness that reducing the neural electrode\'s dimension ([@bib85]) and rigidity ([@bib34]; [@bib43]; [@bib89]) could suppress the neuro-inflammatory response and improve the tissue-electrode interface ([@bib34]). The concept of reducing the mechanical mismatch between implants and tissue to improve tissue-electrode interface have fueled the development of flexible neural electrodes in the past decade. Flexible, biocompatible polymers, such as parylene C ([@bib6]; [@bib42]; [@bib68]; [@bib106]; [@bib112]), polyimide ([@bib33]; [@bib63]; [@bib83]), and SU-8 ([@bib81]; [@bib113]), with a Young\'s modulus of only a few GPa, were used as the substrates for neural electrodes. Alternatively, a mechanically compliant layer was coated on stiff electrodes; unconventional shapes and geometries were employed to reduce mechanical stiffness ([@bib89]). Multifunctional flexible probes were also developed using polymer substrates, such as flexible electrodes co-fabricated with micro-light-emitting diodes for simultaneous optogenetic stimulation ([@bib43]), and microelectrodes in combination with microchannels for local drug delivery ([@bib35]). However, there were still notable tissue responses to these flexible implants. Consistently, long-lasting recordings of individual neurons were still difficult. It is worth noting that these flexible electrodes, while being more mechanically compliant than rigid electrodes, are still orders of magnitude stiffer than the brain tissue.

Considering these previous efforts in improving the neural-electrode interface, we summarize the following key aspects for establishing reliable and glial-scar-free neural-probe interface: (1) the electrode has sufficient flexibility to ensure complete compliance to tissue micro-movements and to substantially reduce the tissue-electrode interfacial force, (2) the electrode is mechanically and electrically robust for long-term functioning in physiological conditions, (3) the dimension of the electrode is comparable to or smaller than that of average cells and capillaries so that its perturbation to the host biological matrix is minimal ([@bib85], [@bib86]), and (4) surgical damage is controlled and minimized during implantation to allow for tissue recovery ([@bib52]; [@bib77]). In addition to these challenges, it further necessitates a strategy to identify and track the action potentials fired by the same neurons over an extended period of time. Finally, because basic and clinical applications of neural recording often benefit from including a large number of neurons, scalable neural electrodes are highly desired. We discuss below the design rationales of tissue-compliant electrodes and implantation strategies to meet these stringent requirements.

Electrode Form Factor and Mechanical Compliance {#sec3}
===============================================

Micromotions around the implanted electrode are thought to play an important role in chronic inflammation and astroglial scarring ([@bib99]). The finite element method analysis on a single silicon microelectrode showed that the longitudinal loading force when deflecting the electrode was a key factor determining the micromotion-induced strain of tissue and the subsequent tissue response ([@bib53]). We, therefore, consider the bending stiffness *K*, the ratio between the longitudinal loading force and the displacement, as the mechanical characteristics of the tissue-electrode interface. For a single shank that has the geometry of a slab, *K* can be estimated as ([@bib91])$$K = E_{s}\frac{wh^{3}}{12}\text{,}$$where *E*~*s*~ is Young\'s modulus of the material and *h* and *w* are the total thickness and width of the slab, respectively. The bending stiffness *K* scales with material rigidity (Young\'s modulus) linearly but scales with the shank thickness to the third power. For a cylindrical beam, *K* can be estimated as ([@bib91])$$K = E_{s}\pi\frac{d^{4}}{64}\text{,}$$where *E*~*s*~ is Young\'s modulus of the material and *d* is the diameter of the beam. The Euler buckling force *F*~*B*~ is geometry dependent, and it is given by:$$F_{B} = \ \frac{\pi^{2}EI}{\left( {k_{e}L} \right)^{2}}\text{,}$$where $E$is the Young\'s modulus of shuttle device material, $I = \left( {\pi/2} \right)r^{4}$is the moment of inertia of the cylindrical micro-wire (*r* is the micro-wire radius) and *I* = *wh*(*w*^2^+*h*^2^)/12 for the slab geometry, *L* is the effective length of the cylinder, and *k*~*e*~is the column effective length factor that depends on the boundary conditions and is of the order of 1. [Table 1](#tbl1){ref-type="table"} compares the mechanical characteristics of typical neural electrodes, computed assuming a hypothetical implanted length of 1 mm. We include both the shank (slab) and cylindrical probe geometries and consider rigid and soft materials that have been used to construct neural electrodes such as silicon, parylene, polyimide, polydimethylsiloxane (PDMS), and SU-8. Although reducing the material\'s Young\'s modulus reduces the bending stiffness linearly, no material can construct electrodes with sufficient structural and electrical integrity in long-term physiological conditions while approaching the brain\'s softness. Very soft materials such as hydrogel are too electrically leaky to serve as reliable insulation for neural electrodes. Alternatively, the mechanical compliance of the device depends strongly on its geometry, which permits the drastic reduction of the bending stiffness of electrodes by engineering their form factors.Table 1Mechanical Characteristics of Neural ElectrodesMaterialYoung\'s Modulus (GPa)ShapeDimension (*w* × *h for Slab*)Bending Stiffness (pNm^2^)Critical Buckling Load (mN)Silicon ([@bib11]; [@bib92])179Slab\
*L* = 1 mm ![](fx2.gif)50 μm × 15 μm2.52 × 10^3^300.8Parylene-C ([@bib6]; [@bib42]; [@bib68]; [@bib106]; [@bib112])350 μm × 15 μm42.25.04Polyimide ([@bib33]; [@bib63]; [@bib83])2.550 μm × 15 μm35.24.20SU-8 ([@bib81]; [@bib113])2.350 μm × 15 μm32.33.87SU-8 ([@bib61]; [@bib111])2.350 μm × 1 μm0.00960.2366SU-8 ([@bib61]; [@bib103])2.310 μm × 1 μm.00191.9 × 10^−3^SU-8 ([@bib114])2.34 μm × 1 μm7.7 × 10^−4^1.29 × 10^−4^Carbon nanotube multilayer ([@bib115])20250 μm × 15 μm2.84 × 10^3^339.5PDMS ([@bib64])3.6 × 10^−3^50 μm × 15 μm0.056.1 × 10^−3^Nanocomposite (poly(vinylacetate) and cellulose) ([@bib26])0.01250 μm × 15 μm0.170.0202Soft OSTE (thiol-ene-epoxy) ([@bib54])6 × 10^−3^50 μm × 15 μm0.0840.0101Soft elastomeric conducting wire ([@bib11])9.74 × 10^−4^50 μm × 15 μm0.0141.6 × 10^−3^Stainless steel ([@bib97])200Wire\
*L* = 1 mm ![](fx3.gif)*d* = 50 μm6.14 × 10^4^1,211Tungsten ([@bib26])411*d* = 50 μm1.26 × 10^5^2,489Carbon fiber ([@bib49])234*d* = 7.5 μm36.30.717Carbon nanotube ([@bib110])950*d* = 150 nm\
*L* = 1.5 μm2.36 × 10^−5^0.207

[Figure 2](#fig2){ref-type="fig"} shows the bending stiffness *K* and the averaged footprint of electrodes (cross-sectional area divided by the typical number of recording sites in a 1-mm implantation section). Compared with conventional neural electrodes ([@bib43]; [@bib49]; [@bib53]), the recent ultraflexible electrodes at a total thickness of about 1 μm, such as the mesh electrodes ([@bib111]), the nanoelectronic threads (NETs) ([@bib61]; [@bib103]), and the later varieties of similar designs ([@bib16]; [@bib25]; [@bib114]), have drastically reduced the effective bending stiffness and the average footprint per recording site. Specifically, the bending stiffness is reduced by orders of magnitude to 10^−15^ N·m^2^, which brings down the probe-tissue interfacial force to nanonewton range, on par with the single-cell traction force ([@bib10]). This is conceived to be the key parameter for improved biocompatibility.Figure 2Comparison of the Two Key Aspects of Neural Electrodes Contributing to the Potential Tissue Invasiveness, Averaged Footprint Per Recording Site, and Bending Stiffness (***K***)Recording contact per 1 mm length is 10 for silicon ([@bib53]), polyimide ([@bib83]), and SU-8 ([@bib81]; [@bib113]) electrodes; 16 for PDMS ([@bib64]) electrodes; 8 for NET-50 ([@bib61]) and NET-e ([@bib103]); 7 for parylene C electrodes ([@bib42]); 4 for NET-10 ([@bib61]); and 1 for NeuE ([@bib114]), Neurotassel ([@bib25]), carbon fiber ([@bib49]), soft OSTE ([@bib54]), tungsten ([@bib11]), and stainless-steel ([@bib97]) probes. The smallest cross-sectional dimensions are chosen if the references report multiple designs.

Ultrathin Profile Mitigates the Challenges in Structural and Electrical Stability {#sec3.1}
---------------------------------------------------------------------------------

The long-term structural integrity of neural electrodes in physiological conditions has been a great challenge. Strong, inert materials are typically used to construct rigid electrodes, but structural failures often arise after long-term implantation in living brains. Structural failures such as cracking and delamination of the insulating materials are manifested in recordings as increased leakage and cross talk. Mechanical strains built up in the device during micromotion are thought to be a major contributor to initiate and accelerate most failure modes ([@bib20]; [@bib46]; [@bib79], [@bib78]). For instance, delamination between two bonded materials such as the insulating layer and the substrate is typically caused by the built-up strain and the weak bonding between the two different materials ([@bib20]; [@bib46]; [@bib79], [@bib78]).

One approach to enhance the structural stability, which might be counterintuitive, is to reduce the strain by reducing the device thickness. Using a simplified slab model, the strain in the slab is proportional to its overall thickness at the same deformation ([Figure 3](#fig3){ref-type="fig"}A). Therefore, by reducing the thickness of the slab we reduce the built-up strain linearly. Neural electrodes typically have more complicated mechanics because they are constructed by multiple materials for different functions, such as metals for electrical connectivity and inert materials for structural support and electrical insulation. A symmetric profile, e.g., all metal interconnect leads are buried in the center of the device by the same material at an equal thickness ([Figure 3](#fig3){ref-type="fig"}B), will help to further mitigate strain-related issues.Figure 3Ultrathin Profile Enhances the Structural Integrity of Neural Electrodes by Reducing the Strain(A) Sketch showing that under the same deformation, strain in a device is proportional to its thickness.(B) Sketch showing a symmetric, multilayer profile to minimize strain.(C--E) Examples of ultraflexible electrodes, including a NET-50 suspended in water (C, *Figure reprinted from Sci*. *Adv*. *3 e1601966* ([@bib61]) *with permission*. *Copyright 2017 AAAS*), a macroporous mesh suspended in buffer (D, *Figure reprinted from Nature Materials 14*, *1286* (*2015*) ([@bib111]) *with permission*. *Copyright 2015 NPG publishing*), and a Neurotassel in the molten PEG (E, *Figure reprinted from Science advances 5.3* (*2019*)*: eaav2842* ([@bib25]) *with permission*. *Copyright 2019 AAAS publishing*). Scale bars: 50 μm in (C), 100 μm in (D), and 20 μm in (inset in E).

The approach of reducing thickness has been successfully implemented to construct flexible neural electrodes to promote structural integrity ([@bib30]; [@bib34]; [@bib80]). As one example, we outline the structure of the ultraflexible NET. A multilayer, symmetric architecture was employed to construct NETs. Metal trace lines were embedded between two layers of 500-nm-thick SU-8 thin films. Recording contacts were patterned on the top and bottom surfaces, which made electrical connections with the trace lines through "vertical interconnect access (via)" ([Figure 3](#fig3){ref-type="fig"}B). After microfabrication, the devices were hard-baked to promote SU-8--SU-8 fusion. The 1-μm-thick NET was able to bend at a curvature of about 50 μm while maintaining its structural and electrical integrity ([Figure 3](#fig3){ref-type="fig"}C), which strongly supports the design rationale that ultrathin structures have enhanced resistance to defects induced by deformation. Similarly, other ultraflexible electrodes at about the same thickness ([@bib25]; [@bib111]) exhibit a similar level of mechanical compliance and structural durability upon deformation ([Figures 3](#fig3){ref-type="fig"}D and 3E).

In addition to strain-related issues, insufficient binding between the different materials often causes delamination failures ([@bib20]; [@bib46]; [@bib79], [@bib78]). Depending on the materials multiple approaches are effective in improving the bonding strength. Take the two materials SU-8 and polyimide for flexible neural electrodes as examples: multiple layers of photoresist SU-8 can be thermally cross linked at hard-baking temperature 190--195°C to promote diffusion at the interface and to form a monolithic piece ([@bib61]; [@bib111]; [@bib117]). Adhesion-promoting layers such as SiC and diamond-like carbon are deposited on metal trace lines to improve the adhesion with polyimide ([@bib70]; [@bib98]).

Another typical delamination failure happens between micro-lithographically defined contact sites and their functional coatings. For example, conducting polymers (CPs), have emerged as promising interfacing material between biomedical devices and neural tissue due to their superior electrochemical and compliant (soft) mechanical properties for conforming to biological tissue compared with conventional metals such as Au, Pt, and Ir ([@bib18]; [@bib41]). However, exploiting the full capability of CP coatings in chronic biomedical applications has been limited due to their weak adhesion and mechanical stability by lack of strong covalent bonds between coated polymer layers and underlying noble metal conductors ([@bib19]; [@bib31]). Two approaches were introduced to tackle this problem. The first approach utilizes an intermediate functionalized monolayer to form stable covalent bonds between the CP and the underlying metal interconnect ([@bib102]). The second approach employs more engaged surface area and mechanical interlocking to anchor the coated CP to underlying metals including "Fuzzy gold" stabilization for polypyrrole (PPy) ([@bib9]), IrOx and nanostructured Pt for PEDOT ([@bib5]), laser-roughened Pt anchoring for PEDOT/p-toluenesulfonate ([@bib23]), and gold nanorods (Au-nr) for stabilizing PEDOT:PSS polymer film ([@bib18]).

One important challenge for polymer-based flexible devices is that almost all polymers absorb water ([@bib96]), which may further cause leakage by themselves ([@bib59]), and more importantly, expedite the aforementioned mechanical degradations. Polymers at low water absorption rates such as polyimide (0.7 wt %) are generally preferred material choices to construct neural electrodes. For any given polymer, increasing polymer thickness improves the water resistance, but it compromises the flexibility of the electrode and may lead to mechanical failures due to increased strain as discussed earlier. Another approach without changing the electrode form factors is to reduce the metal trace linewidth and consequently reduce the capacitive coupling of the metal trace lines to the electrolyte in the tissue. We note that mild water absorption itself in polymer does not severely compromise the recording efficacy. Taking SU-8 as an example, water absorption in SU-8 saturates at about 3.3 wt % ([@bib95]), but the SU-8-constructed NETs recorded extracellular action potentials exceeding 800 μV in amplitudes during long-term implantation without a longitudinal decay in signal-to-noise ratio ([@bib61]). This suggests that in the absence of other mechanical failures such as cracking and delamination, water absorption in the polymer itself may not strongly affect the dielectric properties of the material.

Strategies to Implant Ultraflexible Electrodes with Minimal Surgical Footprints {#sec4}
===============================================================================

There is an intrinsic conflict on the requirement of an electrode\'s rigidity between minimal invasiveness and facile insertion into the brain with minimal damage. The miniature dimension and ultraflexibility desired for minimizing tissue response mechanically preclude the electrode\'s self-supported penetration through brain tissue. One common strategy to deliver flexible electrodes is to temporarily alter the electrode\'s rigidity before and during insertion ([@bib27]; [@bib40]; [@bib71]; [@bib94]; [@bib109]). Biodegradable materials, such as polyethylene glycol (PEG) ([@bib71]; [@bib94]), silk ([@bib109]), and carboxymethyl cellulose ([@bib52]), have been used to temporarily encapsulate and rigidify neural electrodes to support the penetration into the brain tissue. Shortly after implantation, the coated material is dissolved and the neural electrode is exposed. Alternatively, unconventional electrode substrate materials that reduce stiffness after implantation were used, such as the mechanically adaptive nanocomposite ([@bib26]) or shape memory polymer ([@bib101]). Temporarily freezing the electrode in a small amount of solution was also demonstrated for stereotaxic insertion ([@bib111]). One caveat of this approach is that the supporting materials all have relatively small Young\'s moduli (\<10 GPa), and therefore thick coatings (\>50 μm) and large cross section are required to achieve enough rigidity for insertion, which induces significant implantation injury irrespective of the dimension for the electrodes. To mitigate this problem, a microfluidic device was developed to deliver flexible electrodes deep into neural tissue without increasing the stiffness or size of the electrodes. The microfluidic device applies a tension force to ultraflexible electrodes that prevents buckling and permits precisely actuating the electrode position with micron-scale accuracy ([@bib100]).

The other approach is to use a separate rigid shuttle device that is later decoupled from the electrode ([@bib15]; [@bib43]; [@bib48]; [@bib57]; [@bib89]). Syringe injection was developed to drive ultraflexible mesh electrodes in solution through a needle. The flexible mesh subsequently relaxes and interpenetrates within the internal space of the brain ([@bib57]). Alternatively, stiffeners fabricated of silicon or metal wires are temporarily attached to the flexible electrodes by biodegradable adhesive such as PEG ([@bib15]; [@bib37]; [@bib43]; [@bib48]; [@bib116]) or by geometrical anchors ([@bib42]). The electrode and stiffener are surgically implanted together; then the temporary attachment disengages to allow for retraction of the stiffener without moving the implanted electrode out of the tissue. Although this approach involves additional fabrication and assembling of shuttle devices and can potentially add a level of complexity to the flexible electrode packing, it permits using a wide variety of materials and reducing the total surgical footprints.

To minimize the acute tissue damage, a shuttle device with the smallest dimension is desired. The lower limit of the shuttle device cross section is set by the mechanical strength needed to break through the brain tissue during insertion without bulking or breaking, which requires the buckling force to be larger than the insertion force. Therefore, materials with the largest elastic moduli are desired to reduce the surgical footprint and the consequential tissue damage.

[Table 2](#tbl2){ref-type="table"} summarizes the diameter of a microbeam that permits 1 mN bulking force, which is comparable to the insertion force of a much larger neural electrode reported in the literature ([@bib87]), and the minimum diameter that supports self-penetration estimated from a recent work that accounted for the geometrical scaling effect ([@bib69]). Straightforwardly, materials with large elastic moduli such as diamonds, carbon fiber, and tungsten permit penetrating the brain tissue at reduced beam diameters. Among them, silicon can be readily microfabricated, and both carbon fiber and tungsten micro-wires are commercially available at low costs, making them affordable candidates to construct shuttle devices at minimal footprints.Table 2Beam Diameter to Permit Pia Penetration*Materials*Diamond ([@bib45])Carbon fiber ([@bib49])Tungsten ([@bib11])Silicon ([@bib37])SU-8 ([@bib58])Polyimide ([@bib83])PEG ([@bib72])Young\'s modulus (GPa)1,1002344111792.32.51.3*d* at 1 mN bulking force (μm)7.410.910.011.534.433.839.8Min *d* (μm)3.15.14.35.622.822.227.5

[Figure 4](#fig4){ref-type="fig"} demonstrates the shuttle-assisted implantation of various flexible electrodes using both the strategy of geometrical anchor ([Figures 4](#fig4){ref-type="fig"}A and 4B) and temporary adhesion ([Figures 4](#fig4){ref-type="fig"}C and 4D). [Figure 4](#fig4){ref-type="fig"}A shows an example of a temporary geometrical attaching mechanism. A micro-pole, 2 μm in diameter and 5 μm in height, micro-milled at the end of the shuttle device is temporarily engaged through a micro-hole at the end of an ultraflexible neural electrode ([@bib61]). During implantation the shuttle device travels into the tissue; the anchor post enters into the hole and pulls the neural electrode into the brain tissue. Once the neural electrode reaches the desired depth, the shuttle device is retracted vertically and the neural electrode is released and left embedded in the brain tissue. This needle-and-thread mechanism was first demonstrated as a manual procedure. Later, the same principle was applied to design and construct a "sewing machine" that enabled delivering hundreds and thousands of flexible electrodes at a high throughput ([@bib65]) ([Figure 4](#fig4){ref-type="fig"}B). Alternatively, shuttle devices were fabricated and assembled before surgery ([Figures 4](#fig4){ref-type="fig"}C and 4D) using biodissolvable adhesive. [Figure 4](#fig4){ref-type="fig"}C shows an example of aligning tungsten micro-wires (diameters ranging 20--50 μm) into pre-patterned grooves or fixation and then attaching them to multi-shank flexible electrodes using water-soluble PEG ([@bib116]). After the assembled electrode-shuttle pairs were inserted into the targeted brain region, the PEG was dissolved and then the shuttle device was retracted.Figure 4Shuttle-Assisted Implantation of Ultraflexible Neural Electrodes(A) Schematic showing the needle-thread temporary engaging mechanism. Inset: Zoom-in sketch highlighting that the micro-post engages in the micro-hole on a NET. *Figure adapted from Sci. Adv. 3 e1601966* ([@bib61]) *with permission. Copyright 2017 AAAS*.(B) Photograph of the insertion process with a "sewing machine." Arrows indicate a needle penetrating tissue proxy, advancing the thread to the desired depth. *Figure reprinted from J Med Internet Res 2019; 21*(*10*)*:e16194* ([@bib65]) *with permission*. *Copyright 2019 Journal of Medical Internet Research*.(C) Sketch demonstrating the temporary adhesion between shuttle wires and the neural electrodes. Inset shows a photograph of the NET-shuttle pairs before implantation.(D) Optical micrograph of a polymer neural probe mounted on a sharpened silicon shuttle. Inset: Zoom-in view of the top of a sharpened silicon shuttle and wicking channel for PEG at midline. *Figure reprinted from Journal of Neural Engineering 16.6* (*2019*): *066021* ([@bib37]) *with permission*. *Copyright 2019 IOP*. Scale bars: 500 μm in (inset in C), 100 μm in (D), and 50 μm in (inset in D).

It is worth noting that substantial difficulty of insertion comes from penetrating connective tissue---the dura, arachnoid, and pia mater---that together protect the brain from mechanical and other insults ([@bib104]). A durotomy is often performed before implantation to reduce the insertion force, but this additional invasive procedure adds surgical complications and sometimes affects the recording performance. One way to enable insertion without increasing the diameter of shuttle devices is to reduce the effective force on the device by fabricating a sharper tip ([Figure 4](#fig4){ref-type="fig"}D) ([@bib4]; [@bib32]; [@bib87]). A recent development on 3D-sharpened silicon shuttle has validated the dural-penetrating shuttle in combination with a flexible polymer probe for chronic recordings. The sharpened shuttle limited brain compression and obviates a durotomy in rats and reduced post-surgical edema, which would also likely increase accuracy in depth targeting of the electrode arrays ([@bib37]).

Ultraflexible Electrodes Reduce Tissue Response and Permit Glia-Scar-Free Interface {#sec5}
===================================================================================

Brain tissue response to neural electrode involves entangled reactions by multiple types of surrounding cells (e.g., neurons, astrocytes, microglia, and more) and interactions with the neurovascular system ([@bib24]; [@bib47]; [@bib62]; [@bib75]). These dynamic events cover time scales ranging from minutes to weeks ([@bib36]; [@bib51]). The most common method to evaluate the tissue response is to perform postmortem histology studies that provide "snapshot" images of specific cells and biomarkers at the tissue-electrode interface. Time-dependent histology was used to study how the implanted ultraflexible electrodes affected the distribution of key cell types such as neurons and astrocytes across the hippocampus and cortex in transgenic mice as a function of time post-implantation ([@bib114]). Reconstructed histological images in 3D showed a relatively uniform cell distribution without obvious depletion of neurons or enhancements of astrocytes near the ultraflexible electrodes from the earliest time of analysis ([Figure 5](#fig5){ref-type="fig"}A). These observations were consistent with earlier ([@bib29]; [@bib61]; [@bib103]; [@bib111]) and later works ([@bib25]) of flexible electrodes with similar form factors and supported the validity of using ultraflexible polymer-based devices for a stable tissue-electrode interface.Figure 5Imaging and Tracking of the Cellular and Vascular Networks at the Chronic Interfaces between Ultraflexible Electrodes and Neural Tissues(A) Time-dependent 3D histology of interfaces between NeuE (red) and neurons (green) showing a relatively uniform cell distribution at 2 days (I), 2 weeks (II), and 3 months (III) post-implantation. *Figure reprinted from Nature Materials 18, 510* ([@bib114]) *with permission*. *Copyright 2019 NPG publishing*.(B) 3D reconstruction of vasculatures by *in vivo* 2P microscopy around a NET-10 probe (red) 2 months after implantation, highlighting fully recovered capillary networks (green). Image stack: 100--320 μm below a mouse brain surface. *Figure reprinted from Sci*. *Adv*. *3 e1601966* ([@bib61]) *with permission*. *Copyright 2017 AAAS*.(C) 3D reconstruction of *in vivo* 2P images of neurons (yellow) in Thy1-YFP mice surrounding a NET-e probe (red) 2 months after implantation. The NET-e is denoted by a red arrow. Image stack: 100--320 μm below the brain surface. *Figure reprinted from Advanced Science 5.6 (2018): 1700625* ([@bib103]) *with permission*. *Copyright 2018 Wiley*.(D) Representative *in vivo* 2P images from the same regions showing that neurons are repeatedly identified at different times after implantation. Red: NET-10. Arrows and dashed circles highlight the current and previous locations of neurons, respectively. *Figure adapted from Sci. Adv. 3 e1601966* ([@bib61]) *with permission*. *Copyright 2017 AAAS*. Scale bars: 100 μm in (A), 50 μm in (B and D), and 10 μm in (C).

In addition, *in vivo* imaging in the brain combined with fluorescent labeling techniques has emerged as a powerful tool to dissect the underlying mechanism of tissue reactions to neural electrodes ([@bib50], [@bib51]). Recently, important advances have been made on direct imaging of the electrode-tissue interface, which has revealed dynamic information of acute tissue reactions ([@bib13]; [@bib47]; [@bib105]). More importantly, longitudinal *in vivo* imaging permits repeated mapping and tracking of the tissue-electrode interface and unambiguously reveals the dynamic process of tissue responses over a long period. For example, 3D stacks of two-photon (2P) imaging were collected for up to 3.5 months post-surgery to track the changes in capillaries, astrocytes, and neurons around the NETs ([@bib61]). The time sequence of vasculature over 2 months showed that the surgical damage leads to minor local leakage of brain-blood barrier (BBB) upon implantation, which lasted for at most 1 month and was fully repaired in association with vascular remodeling. By two months NETs were embedded in capillaries with normal density, intact BBB, and normal microcirculation ([Figure 5](#fig5){ref-type="fig"}B). All neurons in the vicinity of NETs were repeatedly identified in later imaging sessions, which suggested that NETs induced no chronic neuronal loss. The astrocytes near the NET surrounded only capillaries with normal density and morphology without accumulation or encapsulation at the NET ([Figures 5](#fig5){ref-type="fig"}C and 5D). These imaging results were consistent with postmortem histology studies. They provided valuable insight into the time-dependent evolution of the tissue-electrode interface and the stability of neural recordings.

Emerging Opportunities {#sec6}
======================

Ultraflexible neural electrodes have demonstrated their unique strengths in several applications. First, they are well suited to be combined with longitudinal *in vivo* optical imaging. These ultraflexible electrodes such as NETs bend without breaking, and radii of curvature of \<100 μm are achievable. This means that one or more devices can be inserted underneath or through small holes in an imaging window and then bent out of the way. This flexibility facilitates optical access and circumvents the geometrical constrains of placing rigid electrodes at oblique penetrations to avoid interference with the microscope objective ([@bib76]). The compatibility with optical imaging was used to directly visualize and track the probe-tissue interface longitudinally ([@bib61]; [@bib103]). The optical modality can also be used to map other brain activities such as cerebral blood flow ([@bib12]; [@bib39]) and blood oxygenation ([@bib93]) to permit simultaneous measurements of multiple neurophysiological parameters ([@bib60]). Furthermore, these ultraflexible electrodes induce minimal or little perturbation to the baseline physiology and allow for long-lasting, stable neural recordings. Therefore, they are well suited to track brain dysfunctions over chronic time scales that are commensurate with the progression and recovery of brain injuries. A recent study using ultraflexible NETs and laser speckle contrast imaging revealed long-lasting, injury-dependent neurovascular dissociations after small-scale strokes in rodent models. Neuronal deficits extend spatiotemporally, whereas restoration of cerebral blood flow occurs sooner and reaches a higher relative value, which informs the limitation of neuroimaging techniques that infer neural activity from hemodynamic responses ([@bib28]). Last, the uncoventional form factors of these electrodes enable unconventional implantation and recordings to regions that are difficult to reach otherwise. A recent study reports chronically stable *in vivo* recordings from retinal ganglion cells in awake mice using epiretinal-implanted ultraflexible mesh electronics delivered via noncoaxial and minimally invasive intravitreal injection to form a chronically stable conformal retina interface. Such a method provides an attractive alternative to past studies in explants and offers important new insights into the dynamic information processing between the retina and other parts of the nervous system ([@bib29]).

Future Challenges {#sec7}
=================

Although flexible neural electrodes have demonstrated great advantages over rigid devices in terms of biocompatibility, recording longevity, and compatibility with optical imaging techniques, their flexibility makes surgical implantation more challenging. Although multiple strategies have been developed and successfully tested in rodents, the surgery or the pre-surgery packaging of flexible devices remains more demanding than the rigid electrodes. Furthermore, many of the implantation strategies do not permit simultaneous recording during insertion or fine control of the insertion speed, which is necessary for targeting specific brain regions such as the hippocampus. For instance, if the flexible probe is bonded to the shuttle device temporarily using a biodegradable adhesive, the insertion speed is limited by the dissolution time of the adhesive, which may lead to premature separation of the electrode from the shuttles when targeting deep brain regions. In addition, the adhesive may also cover the recording contacts, making it impossible to record neural activity during insertion. Further refinement of implantation techniques such as testing biodegradable materials that have longer and controllable dissolution times, such as silk ([@bib108]), and refining a strategy using geometrical anchors ([@bib61]) would enable recording during insertion. Machining jigs and fixtures for shuttle devices will simplify the procedure and minimize human errors.

Most of the ultraflexible electrodes have only been tested in a few brain areas, with the greatest success in the superficial cortex. Additional refined designs are needed to optimize recording for different brain regions, where cell density varies substantially and current experiments cannot customize state-of-the-art devices to maximize yield across regions. For example, whereas cells are broadly spatially distributed in the neocortex, in the hippocampus the excitatory cells are localized to thin, densely packed layers. Electrode design parameters such as contact size, contact spacing, and spatial distribution need to be tested, refined, and optimized for the anatomic structures, depths, and neuronal densities of multiple brain regions and species.

Outlook and Prospects {#sec8}
=====================

With nearly 100 billion neurons and 100 trillion connections, understanding the brain remains one of the greatest challenges in both science and engineering. To better understand how brains function and dysfunction, we need to develop technologies that can decipher this massively interconnected network. These technologies need to cover diverse time scales, ranging from moment-by-moment information processing occurring at milliseconds to neural plasticity that spans a lifetime and underlies development, learning, and aging. These technologies also need to have broad spatial coverage because neural circuits consist not only of nearby populations of neurons but also of neurons distributed across multiple areas in the brain. Finally, these technologies need to provide high spatial specificity to accurately investigate the many cell types in the brain as neural circuits are composed of varied neurons with unique physiological and structural characteristics. Ultraflexible neural electrodes provide great promise to address these unmet needs. We envision that future technology development will enable (1) long-term recording of extracellular action potentials that lasts years or even decades; (2) large-scale, high-channel-count recordings that are distributed across the brain ([@bib7]) or closely packed at high volumetric density; and (3) convenient integration with other techniques such as optical imaging and spike sorting to provide cell-type information. Combining all these aspects, ultraflexible neural electrodes will continue to enable discoveries in fundamental and translational neuroscience.
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